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Detection of proteins and nucleic acids is dominantly performed using optical

fluorescence based techniques, which are more costly and timely than electrical

detection due to the need for expensive and bulky optical equipment and the

process of fluorescent tagging. In this paper, we discuss our study of the electrical

properties of nucleic acids and proteins at the nanoscale using a nanoelectronic

probe we have developed, which we refer to as the Nanoneedle biosensor. The

nanoneedle consists of four thin film layers: a conductive layer at the bottom acting

as an electrode, an oxide layer on top, and another conductive layer on top of that,

with a protective oxide above. The presence of proteins and nucleic acids near the

tip results in a decrease in impedance across the sensing electrodes. There are three

basic mechanisms behind the electrical response of DNA and protein molecules in

solution under an applied alternating electrical field. The first change stems from

modulation of the relative permittivity at the interface. The second mechanism is

the formation and relaxation of the induced dipole moment. The third mechanism

is the tunneling of electrons through the biomolecules. The results presented in this

paper can be extended to develop low cost point-of-care diagnostic assays for the

clinical setting. VC 2013 AIP Publishing LLC. [http://dx.doi.org/10.1063/1.4817771]

I. INTRODUCTION

Direct electrical detection of biomolecules without the need for any labeling can help

greatly advance point-of-care diagnostics. Applications include the study of virology,1–3 ligand

fishing,4,5 bacteriology,6–8 apoptosis,9 cell biology and adhesion,10,11 epitope mapping,12–14 sig-

nal transduction,15,16 immune regulation,17 nucleic acid–nucleic acid interactions,18–20 and

nucleic acid–protein protein interactions,21,22 and study of post-translational modifications.23,24

Detection of proteins and nucleic acids is often performed using optical fluorescence based tech-

niques, which are more costly and timely than electrical detection due to the need for expensive

and bulky optical equipment and the process of fluorescent tagging. Thus, a robust label-free

electrical detection technique can provide for a promising solution in lowering both reagent costs

and instrumentation costs. Optical detection of nucleic acids in miniaturized systems is also chal-

lenging because the signal originates from dye molecules in solution, and thus the strength of

the signal scales with sample volume. Therefore, there is a direct conflict between the goals of

obtaining a strong optical signal and reducing reagent consumption in a microfluidic system.

Furthermore, optical readout requires that PCR product markers such as Sybr Green and

Taqman probes be added to the reagents. This process of labeling and adding reagents makes
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this process of real time PCR unsuitable as a point-of-use diagnostic technique in the clinical

setting.

Protein detection is typically performed using the sandwich ELISA technique, which

involves several steps of incubating test sample, then a polyclonal antibody, and then finally a

secondary antibody tagged with a fluorescent or luminescent label, with several wash steps in

between. A label-free technique, which could directly detect the binding of a target protein to

the surface antibody would be much more suitable as a point of care diagnostic. Various label-

free nanoelectronic25–28 sensors including nanowires have been demonstrated exhibiting femto-

molar detection limits.29

The detection limit or the minimum detectable concentration of target biomarkers in the

test sample is dependent on two parameters: the transducer sensitivity (the minimum number of

binding events on the sensor surface required to generate sensor response greater than the noise

level) and the capture rate of target molecules on the surface of the sensor. Both of these pa-

rameters are affected by the flow rate, diffusion time of target molecules, and the sensor geom-

etry. In general, most of the electrical impedance based biosensors suffers from low transducer

signal to noise ratio due to various noise processes in the system such as flicker (1/f), Johnson-

Nyquist noise, and also the noise resulting from the amplification circuitry. The contribution of

these noise sources are relatively higher at frequencies below 100 Hz where electrical imped-

ance measurements are typically made, since the desired signal to be measured results from

modulation of the double layer as target biomarkers bind to the sensor surface.

To overcome these various problems mentioned, we propose a novel method of directly

measuring the electrical response of the DNA and protein molecules of interest at the nanoscale

by using a novel ultra-sensitive, real time, label-free sensing platform, which we refer to as the

nanoneedle biosensor. The nanoneedle biosensor structure consists of three thin-film layers, as

shown in Fig. 1. There are two conductive layers with an insulator layer in between. The inter-

face of this middle oxide layer with the electrolyte is the active region of the sensor. A protec-

tive oxide layer is deposited above the topmost electrode. Underneath the bottom electrode, there

is an oxide layer, which is thermally grown insulating the first electrode from the substrate.

One of the advantages of this sensor is the ability to directly measure biomolecular binding

as a function of time (real-time). The presence of biomolecules in the active sensing region of

the needle tip results in modulation of the measured impedance in real time. This can be useful

for measuring kinetic constants for various biomolecular species. Also, transducer sensitivity is

FIG. 1. (a) Schematic of nanoneedle biosensor three-dimensional and side view of horizontal nanoneedles (Not to Scale).

(b) Optical micrograph of bird’s eye view of aluminum-polysiliconhybridnanoneedle biosensor. (c) SEM image of the tip

of a nanoneedles biosensor; 1 & 3 are the electrodes; 2 is the oxide in between the electrodes
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improved with the nanoneedle biosensor compared to standard micro-electrode label-free im-

pedance sensors due to miniaturization of the nanoneedle tip, resulting in high sensitivity for

detection of small numbers of molecules. The sensing area of this sensor is a nano-sized area,

which is in the size range of biomolecules of interest. As a result, a small number of binding

events in the active sensing area is sufficient to modulate the impedance at the sensor tip to a

level greater than the noise resulting in high sensitivity. In addition, the suspended geometry of

a nanoneedle in a micro-channel results in diffusion taking place in three dimensions unlike

most electrical biosensors which have a planar structure(two dimensional) thus diffusion taking

place in only two dimensions. This results in a higher hit rate of target molecules to the probe

molecules on the sensor surface and thus a faster detection platform.

Another advantage of the nanoneedles biosensor, due to its rigid yet high aspect ratio solid-

state structure, is the ability to measure protein and nucleic acid levels directly in-vivo inside a

living cell. A thin functionalized needle can be inserted into a living cell, and impedance meas-

urements can be made directly as proteins bind to the needle surface. This can be used for many

different applications such as measuring protein expression for the purposes of drug screening.

In addition to the above-mentioned advantages, the ability to fabricate an array of needles

onto a substrate potentially enables high throughput sensing. Fabrication of an array of nano-

needles with the state-of-the-art nanofabrication techniques makes it possible to monitor various

binding events simultaneously in over a large area. On chip integration of the sensors with

CMOS amplification electronics can further improve the signal to noise ratio of the sensor

resulting in a single portable device suitable for point-of-care diagnostics.

II. DEVICE DESIGN FACTORS

Various thicknesses and geometrical designs have been fabricated and tested. The sensor

design used in this study consists of electrodes 100 nm thick and a middle oxide layer 30 nm

thick. The top protective oxide layer thickness is 20 nm and the bottom oxide layer thickness is

250 nm. The width of the nanoneedle tip is 5 lm. For specificity, probe molecules (e.g., DNA

molecule or protein) can be immobilized on the tip of the nanoneedles. The binding of target

molecules to the probe molecules modulates the impedance between the electrodes. In order to

maximize the effect of the impedance at the interface of the sensor compared to the total meas-

ured impedance, it was necessary to reduce the parasitic impedance resulting from the resistance

of the trace and also the body capacitance of the traces leading from the bonding pad to the sen-

sor. To achieve this goal, the sensor has an aluminum/polysilicon hybrid structure, where the

sensor electrode is polysilicon, and the trace leading up to it is aluminum, which has a higher

conductivity than polysilicon and can minimize the trace resistance leading up to the sensor.

And also the pads are separated out from each other to eliminate the body capacitance between

the traces. However, the sensing area will still be polysilicon in order to ensure compatibility

with surface chemistries optimized for high immobilization capacity of probe molecules.

III. RESULTS AND DISCUSSIONS

In order to demonstrate the utility of the nanoneedle for label-free sensing while maintain-

ing a high signal-noise ratio we studied the electrical response of the sensor for various types

of biological agents. We tested the electrical response of two types of biomolecules: nucleic

acids and proteins. In this manuscript, first we present the results of the experimental characteri-

zation of the device, then we discuss the theory behind the response and discuss the various

physical mechanisms involved, and afterwards we demonstrate the utility of the sensor for affin-

ity based protein sensing.

A. Nucleic acids

We initially studied the electrical response of nucleic acids using the nanoneedle sensor.

As observed in Fig. 2(a), the presence of single stranded DNA (20 base pairs long) modulates

the measured impedance. Various concentrations of DNA were injected onto our sensor surface

044114-3 Esfandyarpour et al. Biomicrofluidics 7, 044114 (2013)



sequentially. Between every step that DNA was added we aspirated the measurement well. The

DNA is in free solution and unlikely to adsorb to the surface. As the concentration of DNA in

the solution decreases, the measured impedance increases getting closer and closer to the base-

line value. Fig. 2(b) shows the measurement performed with error bars. We acknowledge, how-

ever, that during the aspiration step it is possible that residues of DNA remain on the substrate

resulting in the actual concentration being somewhat higher than the concentration we injected.

For example, for the final measured concentration (0.6 fM which equates to 1800 DNA mole-

cules in 5 ll of volume), it is possible that the actual number of molecules is somewhat higher.

This observation of increase in conductivity with higher DNA concentration was counter intui-

tive and the results are contrary to the observations traditionally made with electrical impedance

biosensors where the presence of DNA generally results in an increase in impedance as a result

of modulation of the double layer.30 We will discuss the mechanisms affecting the modulation

of the impedance level in Sec. IV; however, in order to confirm the behavior of the sensor even

further, we also performed a next set of experiments with proteins.

B. Proteins

For protein experiments, we measured the electrical response of unconjugated streptavidin

in free solution (Fig. 3). Since streptavidin has an isoelectric point of 4, and silicon oxide has

an isoelectric point of 3, both will have a negatively charged surface in water, thus minimizing

adsorption of molecules to the surface. We measured the impedance across the electrodes as

varying concentrations of streptavidin was injected onto the sensor surface. Fig. 3(a) shows rep-

resentative results of this experiment, which was performed three times. The behavior of strep-

tavidin is similar to the electrical response of the DNA. Higher concentration of protein resulted

in lower levels of impedance between the electrodes. Again, similar to our results with DNA,

this goes contrary to the behavior of traditional micro-electrode sensors where the presence of

biomolecules at the surface results in an effective decrease in the double layer capacitance, thus

resulting in an increase in impedance.30

C. Polystyrene beads

As a control experiment to verify the physical mechanism resulting in the electrical

response of the sensor we injected polystyrene beads. Polystyrene beads have fully insulative

electrical properties, and also a lower dielectric constant (�2.6) compared to water (�80). As

shown in Fig. 3(b)) an increase in impedance was observed as opposed to the decrease in im-

pedance seen with injection of proteins and DNA. Fig. 3(c) shows the impedance measurements

repeated several times with error bars included. The presence of the beads on the sensor surface

results in both an increase in resistance across the electrodes, and also a decrease in the sensor

FIG. 2. Presence of single stranded DNA modulates the measured impedance. (a) Various concentrations of DNA were

injected onto our sensor surface sequentially. Between every step that DNA was added we dried out the measurement well.

As the concentration of DNA in the solution decreases, the measured impedance increases getting closer and closer to the

baseline value. (b) Impedance change plotted with error bars over three measurements per point.
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surface capacitances, all of which contribute to an increase in impedance. This behavior is in

line with that of traditional micro-scale electrodes. This implies that the charge and the relative

dielectric constant of the biomolecules play an important role in the behavior observed for

nucleic acids and proteins.

To reconcile this contradiction of our protein/nucleic acid results with the traditional

micro-sensors, we theoretically and experimentally characterized the various parasitic compo-

nents of our circuit model at the sensor-electrolyte interface in our system.

IV. MODELING

To understand the results, we developed a full circuit model to characterize the interface of

the nanoneedle sensor with the electrolyte as shown in Fig. 4(a). In the full model, our system

contains several parasitic impedance components. From here on, we are referring to the parasitic

impedances at the electrode-electrolyte interface and the electrolyte itself (rather than the compo-

nents of the body of the sensor). Above the electrodes and the insulator, we have a double layer

resulting from accumulation of ions in the electrolyte at each surface (metal and oxide). The

electrical double layer consists of two layers, the stern layer, which is an adsorbed fixed layer,

and also a diffuse layer. The stern layer consists of the ions that are adsorbed to the surface and

are estimated to be concentrated roughly 1 nm from the sensor surface. The diffuse layer results

because of the condition of charge neutrality. That is, another layer of ions accumulates in order

to neutralize the charge in the stern layer. The thickness of the stern layer is generally concentra-

tion independent, whereas that of the diffuse layer is related inversely to the electrolyte concen-

tration. The stern layer and diffuse layer can be represented as two capacitors Cads and Cdiff

Cdif f ¼ ee0K ¼
ffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi
Az2e2ee0CiNA

kT

r
; (1)

FIG. 3. Presence of non-adsorbed streptavidin protein modulates the measured impedance. (a) Various concentrations of

streptavidin were injected onto our sensor surface sequentially: (1) water, (2) 250 ng/ml streptavidin, (3) 25 ug/ml streptavi-

din, (4) 25 mg/ml streptavidin. Between every step that protein was added we dried out the measurement well. As the con-

centration of protein in the solution decreases, the measured impedance increases getting closer and closer to the baseline

value. (b) Impedance response of polystyrene beads injected onto sensor resulting in increase in impedance. (c) Impedance

change plotted with error bars over three measurements per point.
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where z is the ion valence number, A is a constant, Ci is the concentration of the ionic solution

(mol/liter), e the charge of an electron (1.6 � 10�19), NA is Avogadro’s number, ee0 is the

absolute dielectric constant of the sample, k is the Boltzmann constant, and T is the absolute

temperature. The Cdl is the result of both Cads and Cdiff which are connected in series

1

Cdl
¼ 1

Cads
þ 1

CDif f
: (2)

At high salt concentrations (>10 mM), the diffuse layer size becomes comparable to that of the

stern layer. However, when the salt concentration is low (<0.01 mM), the diffuse layer

increases in size to be on the order of 10 nm,31 thus the capacitance becomes smaller than the

stern layer capacitance and thus dominates the double layer capacitance. Based on the fact that

we are using DI water as our electrolyte, the double layer is estimated to be on the order of

10 nm. This has several implications for our model. The first parasitic impedance is an interface

resistance and a capacitance in between the electrodes, which we refer to as the wall capaci-

tance and resistance (Cw and Rw). This is resulting from the fringing field between our electro-

des, which extends into our electrolyte on a similar length scale as our double layer. The out of

phase response affects Cw and the in-phase response affects Rw. The tunneling of electrons

from the conductive electrodes into the biomolecules present at the active sensing region also

affects the wall resistance (Rw). In parallel to these two components, we have another loop,

which consists of the double layer capacitance (Cdl) at the surface of each metal electrode. In

parallel to the double layer capacitance is the faradaic resistance (impedance) or the electron

transfer resistance (Rf). This results from tunneling of electrons from the electrodes into the

bulk electrolyte. In series with this is the bulk solution resistance (Rs), which results from the

resistivity of the electrolyte.

In the experimental discussion section, we observed that the presence of biomolecules

results in a decrease in the impedance across the electrodes. Since the spacing of the sensing

FIG. 4. Circuit model of the nanoneedle sensor-electrolyte interface. (a) Full model where CW represents the fringing ca-

pacitance at the sensor interface. Rw represents the resistance across the double layer (on top of the insulator) between the

electrodes. Cdl represents the double layer capacitance on each electrode surface. Rf represents the tunneling resistance or

the electron transfer resistance from the electrode into the bulk solution. Rb represents the bulk resistance of the electrolyte.

Rtr represents the trace resistance of the electrode leading up to the bonding pads. Cb represents the body capacitance

between the electrodes along the body of the sensor. (b) Simplified model which is valid at f¼ 15 kHz.
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electrodes is only 30 nm apart, the electrical response of the protein and DNA molecules meas-

ured using our sensor is due to three sources. The first is due to change in the relative permit-

tivity at the sensor interface, which affects the imaginary component of the measured imped-

ance. The presence of the biomolecules results in an increase in relative dielectric permittivity

(jesol) of the solution at the sensor interface, thus resulting in an increase in capacitance and

thus a decrease in impedance measured. The second is due to charge transport, which affects

the real component of the measured impedance and is due to two different mechanisms. One is

the formation and relaxation of the induced dipole moments. The mobile charges in and around

the biomolecules allows for a dipole to be induced in the biomolecules when undergoing an

AC field. The second mechanism is the tunneling of electrons from the electrodes to and

through the biomolecules. The three effects are elaborated in more detail below.

A. Capacitance modulation

The dominant phenomenon, which affects the out of phase (imaginary) AC response of the

impedance, is the change in the wall capacitance at the sensor interface (Cw), which is defined as

Cw ¼
kesole0

K
; (3)

where K is a geometrical factor of the electrode structures.32 The jesol is the relative dielectric

permittivity of the solution and is explicitly affected by DNA dipole moment (DNA length and

charge) and concentration of the DNA. The changes in the extracted wall capacitance Cw,

which represents the DNA capacitance due to the movement of the counterioncharges around

the DNA backbone (dielectric relaxation of DNA dipoles), varied with changes in concentration

of our DNA solutions. Changes in wall capacitance result in change in the imaginary compo-

nent of the measured impedance.32 Similar mechanisms are at play for proteins resulting in a

decrease in impedance as protein concentration increases at the electrode surface.

B. AC coupling

The second dominant mechanism affecting change in impedance is the decrease in the re-

sistance at the sensor interface (Rw). This is the dominant mechanism, which results in a change

to the real part of the impedance. To understand the electrical response of polyelectrolyte mole-

cules such as DNA, it helps to understand the structure electronically. Polyelectrolyte molecules

display a range of complex behaviors due to their connectivity, steric conformation, and strong

electrostatic interactions. The backbone of DNA is negatively charged due to the phosphate

backbone. The fixed charges on the polyelectrolyte and their electrostatic interactions with

counterions are of great significance. The negatively charged surface of the DNA results in

accumulation of positively charged counterions into a condensed layer. This accumulation has

been previously described using counterion condensation theory33 and also Manning-Oosawa

(MO) counterion condensation theory.34 The DNA counterions, free as well as condensed, con-

tribute to the oscillating polarization in the applied electric field and thus determine the dielec-

tric response of the DNA solution.

When an AC field is applied, polarization is induced and a flow of net charge resulting

from the DNA counterions35 occurs. Diffusion controls the movement of counterions, thus the

dielectric response is dictated by the mean relaxation time,

s0aL2

Din
; (4)

where Din is the diffusion constant and L is the length scale.36,37

For pure water DNA solutions, the characteristic length L at low frequencies increases with

decreasing DNA. In our view, this result together with the fact that the relaxation at low fre-

quencies happens at the length scale of the average size of the polyelectrolyte chain suggests
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that low frequency relaxation engages mostly condensed counterions along and in close vicinity

of the chain. This means that at least some of the free counterions join the relaxation of the

condensed counterions along the segments of the same chain. It is thus impossible to com-

pletely separate condensed counterions from free counterions in their contribution to the LF

relaxation mode. Dielectric data from previous work35 indicate that at low frequencies the

decoupling of MO condensed and free DNA counterions are both responsible for the response,

in addition to the counterions along a single DNA chain.

In summary, the electrical response of DNA and protein molecules in solution under an

applied alternating electric field stems from the formation and relaxation of the induced dipole

moment.38 Since there are mobile charges in and around the biomolecule forming a sheath of

ions around the backbone of the molecule, a dipole can be induced in the DNA or protein

when electrically probed in solution. As a result by increasing protein or DNA concentration a

higher number of counter-ions will be attracted by the backbone charge. The increased number

of mobile counter-ions can increase the conductivity of the solution.

C. Tunneling current modulation

The third mechanism resulting in a change in the real part of the impedance is the increase

in tunneling current at the sensor interface (Rf and Rw). Two approaches have been used in

investigating delocalization of electrons in polynucleotides for a DNA molecule. One approach

involves approximating the backbone of the DNA molecule to a periodic system with nucleo-

tide bases superimposed on top. Another approach developed by Brillouin (1962)39 suggested

that nucleotide bases play the role of impurities in the band gap (formed by sugar-phosphate

backbone). The assumption of periodicity of the sugar-phosphate backbone allows the DNA

molecule to be treated as a semiconductor. Using Brillouin’s approach, Suhai (1974)40 showed

that electron transport is equally probable both along the sugar-phospate backbone and through

the system of bases themselves. Also, comparison of various relative energy bands showed that

a charge transfer interaction in DNA could also occur between the poly (bases-pairs) and the

backbone. This results in conducting holes in the base pairs and conducting electrons in the

DNA backbone.

Transfer of electrons in DNA occurs along the axis of the molecule. There are four basic

types of transfer including extra electrons, singlet and triplet p-type molecular excited states,

and holes. The delocalized electrons not participating in bonding are in the p-orbitals and are

free to move about the carbon nuclei in a molecule. The r-orbitals are symmetric around the

bond axis with localized C-C and C-H bonds. The electrons participating in these bonds are

around the line joining the two nuclei and are localized. The nucleotide bases have an elec-

tronic p system, exhibiting delocalized electrons. The excited electrons reside in p-type orbitals,

which lie low.41–45 Transfer of electrons can occur from nucleotide to nucleotide given that the

nucleotide bases are stacked in proximity. Experimental evidence shows support for both short

(less than five bases) and long range tunneling effects. No significant evidence has been found

to indicate soliton effects play a role.46 More recently, examples of long range tunneling

between intercalated reagents (separated by up to 40 A) have been shown.42,47–50 The rate of

electron transfer in these studies showed weak dependence on the number of interspersed

nucleotides.

Similar effects are seen in proteins. Electrons travel as they tunnel from donor sites to

acceptor sites through the various pathways of electronic transport. On the theoretical side,

there are two pathways for electronic transport in proteins. The first one is the hydrogen-

bonded network

�C¼O… H�N�C¼… H�N:

This network runs perpendicular to both a-helical and b-pleated sheet structures and provides

an extended electron conjugated pathway. The other pathways for electronic transport in pro-

teins are along the main polypeptide chain:
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These groups of the polypeptide chain can shape the elementary unit cell with different R

groups that act as impurity centers. Although this charge transportation in the protein molecules

occurs through the hydrogen-bonded crosslinks, it mainly occurs in the main polypeptide

chains.51,52

V. IMPEDANCE CHARACTERIZATION

We are able to empirically determine the contribution of these various parasitic components

by measuring the impedance spectrum (Fig. 5) of the sensor and extracting the parasitic imped-

ance components from the impedance curve. In Figure 5, we have shown the spectrum for both

the bare sensor in water and also in streptavidin solution. As seen in the figure, the largest dif-

ference between the sensor response in water and streptavidin solution occurs between 1 and

100 kHz, thus we chose 15 kHz as our operating frequency (250 mV RMS AC signal). We per-

formed our sensing measurements using a potentiostat (Versa STAT3). For all of our measure-

ments, the sampling rate was one sample per 4 s. Given that the double layer is 10 nm thick,

we can estimate the impedance resulting from the double layer capacitance (Cdl) to be �1 GX
at 15 kHz. We can also estimate the faradaic impedance (due to tunneling of electrons from the

electrodes to the electrolyte) by looking at the measurement at low frequencies (1 Hz). The total

impedance at 1 Hz is 0.5 GX, meaning that Rf which is frequency independent can be no more

than 0.5 GX regardless of the frequency. This means that the equivalent impedance of Cdl and

Rf in parallel with each other has to also be greater than 0.5 GX. Comparing this to the total

impedance of the sensor at 15 kHz which is 3.6 MX, we are able to assume that the loop con-

taining Cdl and Rf is essentially an open circuit allowing us to simplify our model significantly

as shown in Fig. 4(b). Now that we have significantly simplified the model to Cw and Rw in

parallel, we can estimate what percentage of the measured real and imaginary impedance comes

from which source. The change in the real component of the impedance (data measured but not

shown) is influenced by two factors. The major change results from the modulation of the wall

resistance (Rw), which is affected by the AC coupling resulting from the induced dipole

moment of the molecules. The other effect is the modulation of the tunneling current from the

electrodes to the biomolecules, which again affects the wall resistance (Rw). However, this

change resulting from tunneling is minor compared to the AC coupling affect as we discussed

based on the measured impedance value at f¼ 1 Hz. Based on impedance measurements, the ra-

tio of the real component of the impedance at 15 KHz to the real component of the impedance

at 1 Hz is 0.008 (0.8%). Thus at least 99.2% of the change in the real component of the imped-

ance results from modulation of the AC coupling component of Rw, while the remaining 0.8%

is due to modulation of the tunneling current from the electrode to the biomolecules. The

change in the imaginary component (data measured but not shown) on the other hand is fully

dominated by modulation of the wall capacitance (Cw), which is affected by the increase in rel-

ative dielectric permittivity (jesol) of the solution at the sensor interface due to the presence of

the proteins or nucleic acids. As mentioned the relative dielectric permittivity (jesol) is affected

by both the dipole moment and concentration of the biomolecules. Based on the real and imagi-

nary components of real time data (Table I), the imaginary component of the measured imped-

ance drops 84.7% compared to the baseline (water) when 1 lmolar DNA is injected, whereas

the real component drops 40.8% compared to the baseline (water).

VI. AFFINITY BASED BIOSENSING

After fully characterizing the sensor behavior in the presence of proteins and nucleic acids

and having a full understanding of the mechanisms affecting the behavior of the sensor, we pro-

ceeded to demonstrate the utility of this sensor in affinity biosensing. Thus, we performed
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another set of experiments in order to demonstrate the selectivity of this sensor in detecting tar-

get proteins. We adsorbed biotinilated BSA on the surface and tested the binding of streptavi-

din. Biotin-streptavidin binding is one of the strongest non-covalent biochemical interactions.

Streptavidin is a tetramer material which has subunits arrayed in D2 symmetry. Each protomer

is an 8-stranded beta-barrel, which has a simple up-down topology. Biotin molecules can be

bound at one end of any of these barrels. In order to confirm the adsorption of biotinilated BSA

on the surface, we injected streptavidin coated beads on the surface and verified the binding

optically (Figure 6(a)). We performed a series of experiments where we physically adsorbed

biotinilated BSA (250 mg/ml) on the surface of the nanoneedle sensor, which resulted in a drop

in impedance (Fig. 6(b)). A wash step was then performed where we washed the sensor surface

with water, which increased the impedance of the sensor. We then injected streptavidin (5 mg/

ml), which resulted in a decrease in impedance, which was followed by a wash step afterwards,

which again resulted in an increase in impedance. The final impedance levels after both wash

steps (after biotinilated BSA adsorption and after streptavidin binding) are compared with each

other to quantify the amount of protein bound to the sensor surface. In Fig. 6(c), we show the

error bars of our impedance measurements.

Control experiments were performed (Fig. 6(d)) where instead of biotinilated BSA, uncon-

jugated BSA (250 mg/ml) is adsorbed to the surface resulting in a partial drop in impedance.

The sensor surface was washed with water to wash out the unbound BSA molecules resulting

in an increase in impedance. Streptavidin (5 mg/ml) was injected onto the sensor surface result-

ing in a decrease in impedance similar to the positive experiment. The difference in electrical

response of the control experiment and positive experiment lies in the final wash step which

results in increasing the impedance level all the way back near the original baseline level where

only BSA was immobilized. This set of experiments confirmed the ability to use our sensor for

affinity based biosensing, giving us hope to use this type of sensor in the future for multiplexed

FIG. 5. Plot of the electrical impedance spectrum across the device from f¼ 1 Hz all the way to f¼ 1 MHz. The magnitude

of the impedance is shown for both water and streptavidin solution.

TABLE I. Average real and imaginary impedance values for experiments in Figure 2 for steps with DI water and 1 lM

Oligo.

Sample ZImaginary ZReal

DI water 1.67 � 106 X 137 � 103 X

1 lM Oligo (20 base pair) 0.254 � 106 X 81 � 103 X

% Drop in impedance (oligo relative to DI water) 84.7% 40.8%
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detection of a wide variety of proteins, where instead of biotinilated BSA we would immobilize

a probe antibody for the protein of interest.

VII. CONCLUSION

Direct electrical detection of nucleic acids and proteins using nanoneedle sensors has been

demonstrated. Instead of resulting in an increase in impedance due to blockage of ionic current

passing between the nano-electrodes, the attachment of proteins and nucleic acids results in a

decrease in impedance which we attribute to three main mechanisms: the increase in relative

dielectric permittivity at the active sensing region, an increase in AC coupling current due to an

increase in induced dipole moments, and also the increase of tunneling current passing between

the electrodes to the biomolecules present in the active sensing region. The work performed in

this study can be extended to various biological applications such as the study of binding affin-

ities of protein-protein interactions, multiplexed protein detection, real-time PCR for point of

care diagnostics, and point of care proteomic assays. Further work can be performed to develop

new optimized structures to improve signal-to-noise ratio for probing low abundance bio-

markers. Also, as mentioned, given the appropriate form factor of this type of sensor, one can

envision injecting the needle inside a cell to perform real time in-vivo measurement of protein

expression. We believe that our nanoneedle sensor results strongly motivate such effort, given

the advantages of this sensor over other labeled and label-free sensing schemes. This work

FIG. 6. (a) Optical image of streptavidin beads bound to nanoneedle sensor coated with biotinilated BSA. (b)

Representative results of real-time measurement of impedance as (1) sensor is covered with water (2) biotinilated BSA

(250 mg/ml) is physically adsorbed on the surface of the nanoneedle sensor, which results in a drop in impedance. (3) The

sensor surface is washed with water resulting in increase in impedance. (4) Streptavidin (5 mg/ml) was injected in a

decrease in impedance, (5) followed by a wash step afterwards, resulting in an increase in impedance. The final impedance

levels after both wash steps (after biotinilated BSA adsorption and after streptavidin binding) are compared with each other

to quantify the amount of protein bound to the sensor surface. (c) Impedance change plotted with error bars over three

measurements per point. DZ1 represents the difference in impedance of steps (5) and (3) for the experiments where biotina-

lated BSA was immobilized on surface. DZ2 represents the difference in impedance of steps (5) and (3) for the experiments

where unconjugated BSA (control experiment) was immobilized on surface. (d). Control experiments where representative

results of real-time measurement of impedance where (1) sensor is covered with water then (2) unconjugated BSA

(250 mg/ml) is adsorbed to the surface resulting in a partial drop in impedance. (3) The sensor surface was washed with

water to wash out the unbound BSA molecules resulting in an increase in impedance. (4) Streptavidin (5 mg/ml) was

injected onto the sensor surface resulting in a decrease in impedance similar to the positive experiment. (5) The sensor sur-

face is washed. The difference in electrical response of the control experiment and positive experiment lies in the final

wash step which results in increasing the impedance level all the way back up to the original baseline level where only

BSA was immobilized.
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provides a strong starting point for a new class of electronic biosensing devices with the capa-

bility of rapid direct large-scale integration.

VIII. METHODS

A. Device fabrication

We performed the following steps in order to fabricate the biosensor devices. Starting out

with an undoped silicon wafer, first, 250 nm of silicon oxide was thermally grown on a silicon

substrate. This was followed by the deposition of 100 nm of poly-silicon using low-pressure

chemical vapor deposition (LPCVD) by using the first mask. It was then doped with phosphorus

to achieve a sheet resistance of 210 X per square. A 30 nm-thick SiO2 layer was thermally

grown on the bottom pþ-silicon layer. Then the top electrode was pattern by using the second

mask. It was followed by deposition of 100 nm pþ-silicon layer using LPCVD following by

phosphorus doping to achieve the same conductivity as the bottom electrode. Then, there was a

dry etching step followed by a lift off to pattern and makes the aluminum traces by using two

new masks. It was followed by the deposition of 200 nm SiO2 layer of the pþ-silicon layer and

aluminum traces using plasma enhanced chemical vapor deposition (PECVD). We patterned the

nanoneedle bundles by etching the 200 nm top-SiO2layer; 100 nm top pþ-silicon layer, and

30 nm middle oxide layer,100nmpþ-silicon layer down to bottom oxide layer.53–57 We per-

formed wet etch step to etch out the channel below the bundle of nanoneedles. Afterwards, we

performed another etch step to expose the bonding pads to allow wire bonding.

B. Protein sample preparation

We prepared our protein samples as discussed below. First, we diluted our protein samples

in DI water to achieve our desired concentrations. After every dilution step we used a vortex

for 30 s to fully mix the contents of the epindorph tube to ensure uniformity. Each sample was

prepared approximately 3� 5 min before than the injection to the well.
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